It has been widely recognized that one of the critical limitations in biofabrication of functional tissues/organs is lack of vascular networks which provide tissues and organs with oxygen and nutrients. Biofabrication of 3D vascular-like constructs is a reasonable first step towards successful printing of functional tissues and organs. In this paper, a dynamic optical projection stereolithography system has been implemented to successfully fabricate 3D Y-shaped tubular constructs with living cells encapsulated. The effects of operating conditions on the cure depth of a single layer have been investigated, such as UV intensity, exposure time, and cell density. A phase diagram has been constructed to identify optimal operating conditions. Cell viability immediately after printing has been measured to be around 75%. Post-printing mechanical properties, swelling properties, and microstructures of the gelatin methacrylate hydrogels have been characterized. The resulting fabrication knowledge helps to effectively and efficiently print tissue-engineered vascular networks with complex geometries.
Introduction
Tissue engineering and regenerative medicine approaches have been emerging as promising technologies for restoring, repairing or replacing damaged or lost tissues/ organs of human body. Of various tissue engineering advances, bioprinting precisely deposit extracellular matrix (ECM) and living cells onto a substrate in a computercontrolled pattern to construct artificial tissues and organs based on a layer-by-layer manufacturing mechanism. [1, 2] . Compared with other tissue engineering technologies, 3D bioprinting is very versatile in the choices of biological materials, cell types, and growth and differentiation factors, despite technical challenges related to the sensitivities of living cells and the tissue/organ construction [3, 4] .
Vascular networks supply tissues and organs with oxygen and nutrients and remove metabolic byproducts in the body [5, 6] . Without perfusable vascular networks, 3D engineered tissues/organs with populated cells encapsulated quickly develop a necrotic core [7] . Hence, vascularization and blood vessels have been widely recognized as a main technological barrier for building thick tissues and organs. Biofabrication of 3D tubular constructs with living cells encapsulated is not only a reasonable first step towards successful organ printing but also a critical indictor of the feasibility of envisioned organ printing technology.
Additive manufacturing fabricates 3D structures layer by layer. A variety of processes based on lasers, printing heads and extruder heads have been utilized to create each layer. During the layer-forming processes, three modes of operation are used: a moving spot, a moving line, and a layer mode [8] . In a moving spot mode, a moving point or spot is directed through a path to scan a 2D pattern generated from a CAD model of a 3D structure. The representative processes include selective laser sintering [9] and microextrusion [10, 11] . In a moving line mode, a linear array of spots sweeps across the entire layer in one translational motion, such as inkjet printhead with multiple channels [12] . In a layer mode, a mask is utilized to create the entire layer at the same time. A representative process is projection stereolithography [13] [14] [15] , where the entire layer of liquid photopolymer resin is exposed to an ultraviolet light source through a mask. The main advantage of the layer mode is significant reduction of printing time, which is critical for bioprinting applications. Digital micromirror devices (DMD) and liquid crystal displays are two main light projection devices, which possess dynamic mask projection capabilities [16] . DMD is favored due to its higher contrast and transmittance [17] , higher resolution, and faster fabrication speed [18] .
DMD developed by Texas Instruments is an array of micromirrors actuated by electrostatic forces. These micromirrors can be individually rotated ±10°, which controls pixels in the image to appear bright or dark. DMD is utilized as a dynamic mask to create a layer of any desired 2D pattern on a substrate, and 3D constructs are fabricated layer by layer. DMD-based projection stereolithography has been widely employed to fabricate 3D constructs for a variety of applications. Ha et al. [17] proposed a DMDbased projection microlithography to achieve mass production of 3D microstructures and the resolution was a few microns. Zhou et al. [19] presented a novel DMD-based stereolithography process to fabricate 3D construct with desired material properties by adjusting two base material concentrations. Lu et al. [20] developed a magnetic fieldassisted projection stereolithography to selectively deposit the magnetic particles in a liquid resin with various patterns. DMD-based stereolithography has also found wide biomedical applications which involve highly intricate and complex geometry, such as scaffolds [21] [22] [23] and vascular networks [24] . Zhang et al. [25] utilized the DMD-based projection stereolithography to fabricate complex biomimetic scaffolds using poly(ethylene glycol) diacrlate and gelatin methacrylate. Such scaffolds with complex topographic features were used to study cell interactions with microenvironments in vitro. Choi [26] fabricated microneedles as a drug delivery device with important advantages including high mechanical strength, low insertion force, and proper drug dosage. Schüller-Ravoo et al. [24] used the DMD-based stereolithography to fabricate a 3D microvascular network with a high density of small open channels. Human umbilical vein endothelial cells were seeded on the 2D film to test cell attachment, and water was perfused through the fabricated microvascular structure at physiological pressures. While the DMD-based projection stereolithography has been reported for fabrication of a variety of 3D structures for wide applications, biofabrication of 3D tubular constructs with living cells encapsulated is still missing.
The objective of this study is to fabricate 3D tubular constructs with living cells encapsulated. The rest of the paper is organized as follows. First, experimental materials and setup are introduced in detail. Second, the effects of UV intensity, exposure time, and cell density on cure depth are investigated, respectively. A phase diagram is constructed to identify optimal operating conditions. Third, 3D vascular-like structures with cells encapsulated are fabricated, and post-printing mechanical and physical properties and microstructures are characterized. Finally, main conclusions are drawn, and future works are proposed.
Materials and methods

Materials
Gelatin methacrylate (GelMA)
Extracellular matrix (ECM) is a structural support scaffold facilitating cell migration, proliferation and differentiation. It is composed of a variety of matrix proteins, such as collagens, elastin, and fibronectin, to name a few. Collagens are the most important structural protein within ECM. GelMA is a derivative of gelatin which is a denatured collagen. GelMA retains much of the biocompatible properties of gelatin. In addition, GelMA is inexpensive and easy to synthesize. Physical and mechanical properties are tunable for different applications by modifying methacrylation degree and gel concentration [27] [28] [29] . GelMA as a versatile has been widely used for various biomedical applications [28] [29] [30] [31] [32] . Therefore, GelMA has been selected in this study to mimic the ECM.
GelMA was synthesized in the lab using the following protocol. Type A gelatin (MP Biomedicals, Santa Ana, CA) was dissolved into Dulbecco's Phosphate Buffered Saline (DPBS) at 50°C to obtain 10% (w/v) gelatin solution. Methacrylic anhydride was added into the gelatin solution at a flow rate of 0.5 ml/min. The mixture was subjected to vigorous stirring at 50°C for 2 h when the methacrylic anhydride reacts with the gelatin resulting in the addition of methacrylamide groups onto the gelatin macromers [27] . Then, warm DPBS was added to stop the reaction. Dialysis was performed at 40°C against deionized water using 12-14 kDa cutoff dialysis tubing for seven days to extract the dissolved salts and methacrylic acid. Finally, GelMA white porous foam was produced after lyophilizing the solution for seven days. GelMA foam was stored in the freezer at −80°C.
The GelMA solution used this study was prepared by dissolving the lyophilized GelMA foam into DPBS at a concentration of 5% (w/v). The photoinitiator Irgacure 2959 (TCI America, Portland, OR) was added into the GelMA solution at a concentration of 0.5% (w/v). The photoinitiator concentration 0.5% (w/v) has been widely used in various biomedical applications in the literature, and the corresponding cell viability has been reported as good using this photoinitiator concentration [33, 34] .
Cell culture and cell viability test
Fibroblasts are one of the main cell types in blood vessels and have been extensively employed as model cells in the literature [35] [36] [37] [38] . NIH 3T3 mouse fibroblasts (ATCC, Rockville, MD) were grown at 37°C in a humidified atmosphere containing 5% CO 2 . The cell growth medium was Dulbecco's Modified Eagles Medium (DMEM; SigmaAldrich, St. Louis, MO) with 10% Calf Bovine Serum (CBS; HyClone, Logan, UT) and 1% antibiotic-antimycotic solution (Thermo Fisher Scientific, Waltham, MA). This cell growth medium was replaced every three days. 0.25% Trypsin/EDTA (Sigma-Aldrich, St. Louis, MO) was added to detach the cells from the culture flask. The formed cell suspension was subject to centrifuging at 1000 rpm for 5 min to harvest the cell pallet. Finally, the cell pallet was mixed with the GelMA solutions to make the final bioink with a cell concentration range from 0−10 × 10 6 cells/ml [39] [40] [41] .
The post-printing cell viability was evaluated using a fluorescence-based Live/Dead assay (Biotium, Fremont, CA). Live cells were stained with calcein AM (green), and the dead cells were stained with ethidium homodimer-1 (red). The fabricated cellular constructs were incubated together with the assay at 37°C for 20 min. A fluorescent microscope (EVOS FL, Thermo Fisher Scientific, Waltham, MA) was utilized to capture the images of the live and dead cells, and the post-printing cell viability was calculated based on the live cell percentage.
Methods
Experimental setup
In Fig. 1 , the dynamic optical projection stereolithography system was set up to fabricate cell-encapsulated tubular constructs in this study. This stereolithography system was mainly composed of five important components: a UV source (Omnicure S2000, Excelitas Technologies, Ontario, Canada), a collimator (Lumen Dynamics, Excelitas Technologies, Ontario, Canada), a digital micromirror device (DMD, DLP Discovery 4100, Texas Instruments Incorporated, Dallas, TX), a motorized Z stage (Thorlabs, Newton, NJ) attached with a platform, and a container filled with photocrosslinkable bioink. The UV source (Omnicure S2000, Excelitas Technologies, Ontario, Canada) had a wavelength of 365 nm. The UV source provided the UV light with different intensities to crosslink the cell-laden GelMA bioink. The collimator aligned the UV light and made it parallel or collimated. The motorized Z stage was controlled to move the platform down vertically to define the layer thickness after one layer was finished. The container was the reservoir of cell-laden bioink. The DMD was the key component of the stereolithography system used as a dynamic mask, which could easily create any desired 2D pattern. As the DMD can generate one entire layer of a desired pattern at a single time, the dynamic optical projection stereolithography is suitable for fabrication of 3D constructs with complex geometries with a high printing speed, good pattern flexibility and scalability [25, 42, 43] .
The procedure to fabricate 3D constructs is as follows. 3D CAD model was built using SolidWorks, and saved as an STL file. Slic3r (free slicing software) was used to slice the STL file into many layers and each layer was a binary image representing the 2D pattern/mask of this layer. The binary images of all layers were loaded into the DMD in sequence, and the DMD started to display the 2D patterns/ masks one by one. When the parallel UV beam after the collimator illuminated the DMD, the 2D pattern/mask was reflected and guided to the bioink surface through two focusing lenses (Thorlabs, Newton, NJ, USA) and a 90°p rism (Thorlabs, Newton, NJ, USA). The photoinitiator in the exposed areas was decomposed to generate free radicals, which polymerized the GelMA to form one layer on the platform. Then, the Z stage controlled the platform to move down vertically (200 μm), and a new layer was deposited on the top of the existing structure. The resolution of the motorized Z stage is 0.1 μm. 3D cellular constructs were fabricated based on a layer-by-layer manner.
The tensile test has been performed in this study to characterize the post-printing mechanical properties. Two different bioinks were utilized to prepare dog-bone specimens. One bioink only contained the 5% (w/v) GelMA, and the other bioink contained the 5% (w/v) GelMA and living cells (cell density 2.5 × 106 cells/ml). The UV light intensity and the exposure time used were 10 mW/cm2 and 35 sec, respectively. The specimens were subject to uniaxial stretching at a constant rate of 1 mm/min until failure on a Dynamic Mechanical Analyzer (DMA Q800, TA Instruments, New Castle, DE).
In this study, swelling properties of the bioink with 5% (w/v) GelMA have been characterized. The specimens were prepared by exposing the bioink with 5% (w/v) GelMA to the UV light at a UV intensity of 12 mW/cm2 for 35 s. The specimens were cultured in DPBS for 0, 24, 48, and 72 h, and weighted to obtain the swollen weight as Ws. Then, the specimens were lyophilized at −50°C for 12 h, and the corresponding dry weight of the specimens were measured as Wd. The swelling ratio can be estimated as (Ws−Wd)/ Wd.
In this study, the pore size of the 5% (w/v) GelMA hydrogels has been measured. The specimens were prepared by exposing the bioink with 5% (w/v) GelMA to the UV light at a UV intensity of 12 mW/cm2 for 35 sec. The specimens were cultured in DPBS for 0, 24, 48, and 72 h. Then, the specimens were lyophilized at −50°C for 12 h and viewed under a scanning electron microscopy (SEM; ProX, Phenom, Phoenix, AZ)
Experimental conditions
Different operating conditions were adjusted in this study to investigate the cure depth of the bioink. In Fig. 2 , a 3D structure with four columns and four crossbeams was designed to study cure depth of a single layer. Two binary images were generated for the columns and the crossbeams, respectively. The columns had thirteen layers, and the crossbeams only had one layer. The adjustable operating conditions included the UV intensity, exposure time, and cell density. The UV intensity was in the range of 7-16 mW/cm 2 with an interval of 3 mW/cm 2 . The exposure time was in the range of 15-45 sec with an interval of 10 sec. The cell densities were 0, 5, and 10 × 10 6 cells/ml.
Results
Cure depth
3D constructs are fabricated based on a layer-by-layer mechanism. In this section, cure depth of a single layer has been investigated under different process conditions. Specifically, the effects of the UV intensity, exposure time, and cell density have been studied. Then, a phase diagram has been constructed to identify the optimal process conditions based on the uniformity of the fabricated lines.
Effects of UV intensity and exposure time on cure depth
When the bioink is exposed to the UV light, the photoinitiator generates free radicals which cure the bioink. The cure depth primarily depends on the UV energy and the optical properties of the bioink. The UV light energy follows a Gaussian distribution on the bioink surface [44] :
where E is the UV energy at any point (r, z) on the bioink surface, P is the UV power, T is the exposure time, W 0 is the 1/e 2 Gaussian half-width of the UV spot, and D p is the depth of UV penetration into the bioink until a reduction in 
where E c is the critical UV energy to initiate the bioink crosslinking. The Eq. 2 is also known as "working curve" [21, 46] . It is seen from Eq. (2) that the cure depth depends on D p , E max and E c . D p and E c are related to the bioink and E max is related to the input UV energy. In Fig. 3 , it shows the effects of the UV intensity and exposure time on the cure depth, respectively. The curves in Fig. 3 are derived from the experimental data. In Fig. 3(a) , the UV intensity is adjusted between 7-16 mW/cm 2 at a fixed exposure time of 35 s. It is seen that the cure depth increases with the increase of the UV intensity. In Fig. 3(b) , the exposure time is adjusted from 15-45 s at a fixed UV intensity of 10 mW/cm 2 . It is observed that the cure depth also increases with the increase of the exposure time. The increase of either the UV intensity or the exposure time results in the increase of the input UV energy. Based on Eq. (2), the cure depth increases with the increase of the input UV energy. Both observations are consistent with the reported results using other photocrosslinkable materials [21, 45] . It is noted that the cure depth in this study is on the order of 1 mm. It is noted that the cure depth is the maximum thickness of a single layer, which can be incorporated during printing process. The typical layer thickness used in this study is 150-200 μm during biofabrication of 3D cellular constructs. The cross section of the fabricated line is shown a parabolic shape [44] , and the cure depth in this study is the maximum cure depth.
It is seen from Eq. 2 that the cure depth depends on D p , E max , and E c . The input UV energy E max is determined by the UV intensity and the exposure time. In this study, different UV intensities and exposure times were selected resulting in the input UV energy in the range of 100-1000 mJ/cm 2 . D p and E c are determined by the bioink. D p represents the depth of UV penetration into the bioink until a reduction in irradiance of 1/e is reached, and E c represents the critical UV energy to initiate the bioink crosslinking. In  Fig. 4 , it shows the cure depth of the 5% (w/v) GelMA as a function of the input UV energy. The working curve is fitted based on Eq. 2: C d = 0.7ln(E max /64). It is seen that the cure depth is almost proportional to natural log of the input UV energy. The slope of the working curve in Fig. 4 is D p . For the 5% (w/v) GelMA bioink used in this study, D p is 0.7 mm, and E c is 64 mJ/mm 2 .
Effect of cell density on cure depth
The boink used in this study incorporates living cells. Different cell densities in the bioink affect the cure depth. The cell densities used in this study include 0, 5 × 10 6 cells/ ml, and 10 × 10 6 cells/ml. The UV intensity and exposure time are fixed at 10 mW/cm 2 and 30 s, respectively. In Fig.  5 , it is seen that with the increase of the cell density the cure depth decreases. For the bioink without cells, the cure depth is 1.0 mm. When the cell density increases to 10 × 10 6 cells/ ml, the cure depth decreases to 0.9 mm. When the living cells are added into the bioink, some GelMA solution is replaced by the living cells. Compared to the GelMA solutions, living cells are more difficult for the UV to penetrate and have smaller D p . As the cell density increases, D p of the bioink decreases resulting in the decrease of the cure depth. It is noted the decrease of the cure depth is not significant as the cell density increases. The maximum cell density used is 10 × 10 6 cells/ml, which is already a very high cell density used in 3D bioprinting. However, the 76% . Hence, the effect of cell density on the cure depth is not significant.
Phase diagram
Selecting the optical process conditions is very important for effective and efficient fabrication of 3D constructs. This section investigates the quality of the fabricated lines under different process conditions. The UV intensity is between 7-16 mW/cm 2 and the exposure time is between 15-45 sec. Three different types of lines are classified based on their morphology shown in Fig. 6 : no presence of lines, nonuniform lines, and uniform lines. When the UV intensity and exposure time are insufficient, no lines are fabricated. When the UV intensity and exposure time are medium, the fabricated lines are uniform. When the UV intensity and exposure time are large, the fabricated lines are non-uniform due to over crosslinking. It is observed that the fabricated lines have the maximum thickness at both ends and the minimum thickness in the middle. The phase diagram in Fig. 6 has been constructed to classify three different regimes corresponding to the different line morphologies.
The optimal operating conditions for printing a uniform line can be easily identified from the phase diagram.
Fabrication of 3D cellular constructs
This section focuses on the fabrication of 3D cellular constructs and the post-printing cell viability evaluation. The bioink used contained 5% (w/v) GelMA and 3T3 fibroblasts with a cell concentration of 2.5 × 10 6 cells/ml. The UV light intensity and the exposure time used during the fabrication process were 10 mW/cm 2 and 35 s, respectively. After one layer was completed, the platform moved down by 0.2 mm to define the layer thickness, and the new layer was deposited on the top of the previous layer. 3D cellular constructs were successfully fabricated based on a layer-by-layer manufacturing mechanism. In Fig. 7 , it shows the fabricated Y-shaped hollow construct with living cells encapsulated, which mimics the typical unit in vascular networks. The overall height of the cellular construct is 14 mm including the straight part of 8 mm and the branch part of 6 mm. The outer diameter and the inner diameter of the tube are 3.2 and 2 mm, respectively. The wall thickness is 0.6 mm. The cellular construct has 70 layers including the straight part of 40 layers and the branch part of 30 layers. The typical layer thickness used in this study is 150-200 μm during biofabrication of 3D cellular constructs.
Cell viability has been evaluated to make sure that the dynamic optical projection stereolithography is a viable technology for cell encapsulation and biofabrication. The fabricated tubular construct with cells encapsulated were incubated together with the fluorescent calcein AM and Ethidium homodimer III, which stained live cells green and dead cells red, respectively. The fluorescent microscope (EVOS FL, Thermo Fisher Scientific, Waltham, MA) was utilized to capture the images shown in Fig. 7(b) it is found that the cell viability immediately after printing is around 75%, which is comparable to the reported results in the literature [27, 31] . After 48 and 96 h incubation, the cell viabilities are 80 and 70%, respectively. The number of live cells and dead cells was counted manually. The cell viability was calculated by the number of the live cells divided by the total number of both live and dead cells. The cell viability results show that most cells survive during the dynamic optical projection stereolithography and remain viable in the post-printing incubation.
Discussion
The post-printing characterization has been performed in terms of mechanical properties, swelling properties, and microstructures of the fabricated constructs. These results 
Swelling properties
Swelling properties of hydrogels play an important role in water absorption and nutrient diffusion as well as cell viability and proliferation [47, 48] . In this study, swelling properties of the bioink with 5% (w/v) GelMA have been characterized. The specimens were prepared by exposing the bioink with 5% (w/v) GelMA to the UV light at a UV intensity of 12 mW/cm 2 for 35 sec. The specimens were cultured in DPBS for 0, 24, 48, and 72 h, and weighted to obtain the swollen weight as W s . Then, the specimens were lyophilized at −50°C for 12 h, and the corresponding dry weight of the specimens were measured as W d . The swelling ratio can be estimated as (W s −W d )/W d . In Fig. 8 , it shows the measured swelling ratio for the specimens with 5% (w/v) GelMA at different incubation times. It is seen that the swelling ratio increases rapidly from 11 to 16 in the first 24 h. However, from 24-72 h, it increases slightly from 16 to 18. The measured swelling ratio of the 5% GelMA hydrogel is comparable to the results in the literature [27] .
Mechanical properties
Generally, mechanical properties of the GelMA hydrogel are characterized using a compression test [27, 31, 49] . However, in this paper, tubular constructs with living cells encapsulated have been fabricated to mimic artificial blood vessels. One critical mechanical property of the artificial blood vessels is burst pressure, which is related to the ultimate tensile stress [50] . Hence, the tensile test has been performed in this study to characterize the post-printing mechanical properties. Two different bioinks were utilized to prepare dog-bone specimens. One bioink only contained the 5% (w/v) GelMA, and the other bioink contained the 5% (w/v) GelMA and living cells (cell density 2.5 × 10 6 cells/ml). The UV light intensity and the exposure time used were 10 mW/cm 2 and 35 sec, respectively. The specimens were subject to uniaxial stretching at a constant rate of 1 mm/min until failure on a Dynamic Mechanical Analyzer (DMA Q800, TA Instruments, New Castle, DE). The associated stress-strain curves were obtained shown in Fig. 9 . For the specimen without cells, the maximum strain at failure is 18.7% and the ultimate tensile strength is 2.4 kPa while for the specimen with cells encapsulated, the maximum stain at failure is 14.6% and the ultimate tensile strength is 1.7 kPa. It is seen that when living cells are encapsulated inside the GelMA hydrogels, both maximum Swelling ratio Incubation period (Hours) Fig. 8 Swelling ratio for 5% GelMA hydrogel at different incubation times Fig. 9 Stress-strain curve for 5% GelMA with cells and without cells encapsulated strain and ultimate tensile strength decrease. In addition, the deformation of the specimens can be separated into two stages: elastic deformation and plastic deformation. In Fig. 9 , the elastic deformation range is much larger than the plastic deformation range for both specimens. For example, the elastic deformation occurs at a strain of 0-13.7% while the plastic deformation occurs at a strain of 13.7-18.7% for the specimen without cells. The tensile modulus can be estimated based on the linear relationship of the stress and strain in the elastic deformation range. The measured tensile moduli are 9.8 and 9.6 kPa for the specimens with and without cells, respectively. It is seen that when the living cells are encapsulated inside the GelMA hydrogel, the tensile modulus decreases slightly. This observation is consistent with the results reported by Buckley et al., which investigated the effect of chondrocyte density on the mechanical properties of the agarose hydrogels [51] .
Pore size
The pore size of hydrogels significantly affects the effective transfer of oxygen and nutrients as well as the cell attachment and proliferation. In this study, the pore size of the 5% (w/v) GelMA hydrogels has been measured. The specimens were prepared by exposing the bioink with 5% (w/v) GelMA to the UV light at a UV intensity of 12 mW/cm 2 for 35 sec. The specimens were cultured in DPBS for 0, 24, 48, and 72 h. Lyophilization at −50°C for 12 h was performed on the specimens in order to preserve their microstructures. The SEM images were captured shown in Fig. 10 and the pore size was subsequently measured. Figure 11 shows the measured pore size of the 5% GelMA hydrogel at the incubation times from 0-72 h. It is seen that the pore size increases significantly from 93 to 120 μm within the first 24 h, which is mainly due to swelling. However, from 24-72 h the pore size don't change significantly, showing the stable GelMA network. The reported pore size of 5% (w/v) GelMA hydrogel in the literature is around 44 μm, which is much smaller than our measurement [52] . The microstructure of the GelMA hydrogel is dependent on serval important factors, such as UV intensity, exposure time, degree of degree of functionalization, to name a few. The study in the literature [52] utilized higher UV energy and longer exposure time, which results in much smaller pore size.
Conclusion
In this paper, the DMD-based dynamic optical projection stereolithography has been utilized to fabricate 3D tubular constructs with living cells encapsulated. The cure depth has been investigated under different UV intensities, exposure times and cell densities. The cell viability has been tested, and the post-printing characterization has been performed in terms of mechanical properties, swelling properties, and microstructures. The main conclusions are: (1) the cure depth increases as the UV intensity and exposure time increase while the cure depth decreases as the cell density increases; (2) a phase diagram has been constructed to identify optimal printing conditions; (3) cell viability immediately after printing is 75%; (4) when living cells are encapsulated within the GelMA hydrogel, both the maximum strain and ultimate tensile strength decreases; and (5) within the first 24 h, both the swelling ratio and the pore size Average pore size (μm)
Incubation period (Hours) Fig. 11 Pore sizes for 5% GelMA having different incubation times increase significantly. The future study may include: (1) effects of GelMA concentration on the mechanical and photocrosslinkable properties, (2) effects of cell density on the mechanical properties, physical properties and microstructures of the GelMA hydrogels with living cells encapsulated, and (3) effects of cell concentration on the degradation of GelMA hydrogels with different concentrations.
